The force that healthy humans generated against a fixed pedal was measured and compared with that predicted by four models. The participants (n = 11) were seated on a stationary bicycle and performed brief pushing efforts against an instrumented pedal with the crank fixed. Pushes were performed to 10 force magnitude targets and at 12 crank angles. The increasing magnitude portion of the sagittal-plane force path for each push effort was fitted with a line to determine the direction of the muscle component of the foot force. Those directions varied systematically with the position of the pedal (crank angle) such that the force path lines intersected a common region superior and slightly anterior to the hip. The ability of four models to predict force path direction was tested. All four models captured the general variation of direction with pedal position. Two of the models provided the best performance. One was a musculoskeletal model consisting of nine muscles with parameters adjusted to provide the best possible fit. The other model was derived from (a) observations that the lines-of-action of the muscle component of foot force tended to intersect in a common region near the hip, and (b) the corresponding need for foot force to intersect the center-of-mass during walking. Thus, this model predicted force direction at each pedal position as that of a line intersecting the pedal pivot and a common point located near the hip (divergent point). The results suggest that the control strategy employed in this seated pushing task reflects the extensive experience of the leg in directing force appropriately to maintain upright posture and that relative muscle strengths have adapted to that pattern of typical activation.
Introduction
Controlling the force generated by the legs against a support surface (foot force) is critical to the maintenance of upright posture during locomotion. Study of that control is complicated by at least two factors. First, the nervous system has direct control over only part of the foot force vector, the muscle component. The muscle component is generated by muscle action alone, while gravity and limb motion give rise to the other components of foot force (Kautz & Hull, 1993) . The second factor complicating the study of postural control is multiple task demands. The foot force magnitude and direction must be appropriately specified to support body weight, provide propulsion, and control angular motion of the whole body. The manner in which the nervous system achieves such control is unknown (Farley & Ferris, 1998; Prentice et al., 2001) .
To better understand the control of complex tasks such as locomotion, a common approach is to first understand more basic tasks with the assumption that aspects of the control may be shared between the tasks. For example, seated pedaling has provided insight into coordination strategies likely to contribute to tasks involving upright posture (Gruben et al., 2003a; Neptune et al., 2000; Raasch & Zajac, 1999; Rogers et al., 2003) . Even further insight may be provided by a simplified version of pedaling, that of pushing on a fixed pedal (Gruben et al., 2003b; Gruben & López-Ortiz, 2000) . That task requires the production of foot force, a primary role of the leg during locomotion. In addition, seated pushing allows the direct measurement of the muscle component of foot force (Gruben & López-Ortiz, 2000) and has reduced balance requirements, which eliminate the task demands specifying force direction when subjects are asked only to produce force "in the most comfortable manner." When directional force targets are specified during pushes against a fixed pedal, humans can generate force in a variety of directions (Gruben et al., 2003a; Jacobs & Ingen Schenau, 1992) . That capability demonstrates that the motor system has latitude in producing force direction. Latitude that may be exploited when the task does not specify force direction and that may provide insight into underlying control strategies of locomotion (Gruben et al., 2003b; Gruben et al., 2003a; Gruben & López-Ortiz, 2000) .
For the tasks of pedaling a bicycle and seated pushing against a fixed pedal, where there are no explicit force direction targets, the unspecified force direction allows the nervous system to choose from a large set of possible muscle activation patterns, an example of Bernstein's problem (Bernstein, 1967) . Despite the presence of directional choice throughout a push effort, humans increase force against a fixed pedal such that the incremental increases in force (the muscle component of foot force) have a nearly constant direction (Gruben et al., 2003b; Gruben & López-Ortiz, 2000; López-Ortiz, 2001 ). That constant direction was observed to vary systematically with the location of the pedal relative to the hip (Gruben & López-Ortiz, 2000) and with the level of pushing effort (Gruben et al., 2003b) . The biomechanical and neurophysiological bases for this control are not known.
The chosen direction may be a product of nervous system control and/or mechanical constraints. To test those possibilities, we measured the forces generated against a fixed pedal and evaluated the ability of four models to predict the direction of the muscle component of foot force across a range of limb postures. The first model assumed that the force direction would be chosen so as to minimize effort, with effort estimated by the sum of squared net joint torques at the hip and knee (Nubar & Contini, 1961 ). The second model used a musculoskeletal model of the leg and predicted the direction as that in which the limb could generate force with the greatest magnitude. The third model optimized some of the muscle parameters in that muscle model to best fit the observed data. The fourth model was based on the observation that the lines-of-action of the muscle component of foot force for various pedal positions tended to intersect a common region in the vicinity of the hip (Gruben & López-Ortiz, 2000) and the possible role such a pattern may play in postural control. The predictions of those models are compared with the measured direction of the muscle component of foot force. In addition, previous work has indicated that level of effort affects force path direction (Gruben et al., 2003b ). Thus, we tested pushes performed to a range of effort levels.
Methods

Experimental
The participants were healthy adult human volunteers with no history of neurological disorders or severe injury or surgery to the lower limbs (n = 11, 4 female, 7 male; age, 22-46 years; mass, 60-88 kg; height, 1.68-1.92 m). The experimental protocol was approved by the University of Wisconsin Institutional Review Board for participation of humans in research.
While seated on a stationary bicycle, the participants pushed with the right leg against a pedal attached to a fixed crank (Figure 1 ). Push efforts were performed at 12 pedal positions corresponding to evenly spaced crank angles (0, 30, 60 . . . 330°). A friction brake prevented crank motion during each pushing effort. The pedal was free to pivot about its pivot axis on ball bearings as is standard for bicycle pedals.
The participants wore low heeled athletic shoes strapped to the pedals to prevent relative motion between the foot and the pedal. A heel stop was adjusted to position the first metatarsal head adjacent to the pedal axis. The seat height was adjusted for each participant such that their right knee was fully extended and the sole of the foot was perpendicular to the shank when the crank was at bottomdead-center.
A force transducer on the right pedal measured the sagittal-plane foot force vector (Delta 660, ATI-IA, Inc., Garner, NC). Digital encoders measured the angle of the pedal relative to the crank and crank relative to the laboratory frame with resolutions of 0.017° and 0.1°, respectively. Crank angle was zero when aligned with the z-axis (Figure 1 ) and was positive clockwise. Positions were expressed relative to a Cartesian coordinate frame (y,z), with the origin at the crank pivot (Figure 1 ). The crank length was 0.17 m. The 95% confidence limits of measurement error in force magnitude and direction were ±2.3 N and ±0.84°, respectively. Those reflected the combined errors of force and angular displacement measurements and were determined through the application of static weights at various pedal angles.
For each push effort, the force signals, the crank angle, and the pedal angle were digitized (12 bit) for 3 s at 200 Hz and recorded on magnetic media. We filtered each digitized signal with a three-point median filter followed by a low-pass filter (fourth-order Butterworth, cutoff frequency of 20 Hz). The weight of the portion of the pedal that was interposed between the sensing elements and the foot was subtracted from the measured forces in the calculation of the laboratory-frame components of the foot force (F y , F z ).
The participants performed 10 pushing efforts with the right leg at each of the 12 pedal positions. A range of force magnitudes was chosen to determine the effect of level of pushing effort on the control of force direction. The participants were instructed to push "in the most comfortable manner" to achieve a momentary peak force magnitude within a target range and then to relax within a 3-s data acquisition interval. Pushing in the most comfortable manner was emphasized, while accuracy of obtaining the force target was not. The target ranges for force magnitude were within ±10% of |F| target = 200, 250 . . . 650 N. The force target ranges were presented to the participant as a pair of horizontal lines on a real-time visual display of force magnitude versus time. The participants practiced as much as they desired (typically 3 to 5 pushes) and could stand every 5 min to alleviate possible seat discomfort. The left foot rested on the left pedal that was coupled to the right pedal by a standard bicycle crank. The 12 pedal positions (crank angles) were presented in random order. The 10 force magnitude targets were presented in random order at each pedal position.
A selected portion of each push effort was chosen for analysis. The sagittal-plane forces measured from the push command through the peak force magnitude were selected to focus on the mechanism of force generation rather than relaxation.
The direction of each force path in the sagittal plane was determined using principal components (PC) analysis. A force path was the set of points in sagittalplane force space recorded throughout a single-push effort and reflects the increase in force from the initial resting level (Gruben & López-Ortiz, 2000) . The first principal component (1PC) fitted a line to the force path data in the least-squares sense (Jolliffe, 1986) . The direction of the 1PC was expressed relative to the z axis with clockwise positive. The ability of a straight line to describe each force path was evaluated with the linear merit (Gottlieb et al., 1997) :
where σ 1PC and σ 2PC were the standard deviations of the forces along the first and second principal components. The linear merit measured the proportion of the variation along the second principal component relative to the variation along the first principal component. Data on a line have a linear merit = 100%, and a random scatter has linear merit of zero.
Models
The ability of four models to predict force direction was tested. The first model calculated the force direction that minimized the sum of squared hip and knee torque. The second model used a musculoskeletal model of the leg to determine the set of foot forces generated by all possible combinations of each muscle being either inactive or maximally active. From this feasible force set, we chose the direction of the force with the largest magnitude. The third model was the same as the second, but we chose muscle parameters that optimized the fit of the model to the observed force directions. The fourth model was the simplest and predicted force direction from lines intersecting a single divergent point (DP) and the respective positions of the pedal. The directions predicted by the three models were evaluated across crank angle and compared using the root mean square error. The models are described in more detail below.
The minimum torque model was based on the hypothesis that the system would select force direction based on the minimization of effort and that the sum of squared hip and knee joint torques was an approximation of that effort (Fung & Macpherson, 1995; Gonzalez & Hull, 1989; Gruben et al., in press; Kautz & Hull, 1995; Koopman et al., 1995; Nubar & Contini, 1961; Redfield & Hull, 1986; Rozendaal & Veeger, 2000) . The limb was modeled as a planar pin-joint linkage with three rigid segments. For each push, the participant's limb posture was determined from pedal position; mean measured pedal angle and the hip joint location; and thigh, ankle, and foot lengths measured from palpation of body landmarks. The mean pedal angle for each participant's (1) push to that force target was used to specify limb posture. The force direction that minimized the sum of squared hip net joint torque and squared knee net joint torque was selected as the force direction that could be generated with minimum effort. That minimization function is a valid reflection of minimal effort only when muscle cocontraction is not present. We excluded the ankle joint from this model because ankle joint torque has a smaller influence on force direction than do the hip and knee joint torques. The reason for this differential influence is related to the proximity of the joints to the pedal.
The muscle model was based on the hypothesis that the system would choose the direction for which force could be generated with the least amount of muscle activation (Prilutsky & Zatsiorsky, 2002; Spagele et al., 1999; Valero-Cuevas, 2000; Van Bolhuis & Gielen, 1999) . Nine muscles were added to the skeleton defined for the minimum torque model above (gluteus maximus, rectus femoris, vastii, tibialis anterior, soleus, gastrocnemius, biceps femoris long head, biceps femoris short head, iliacus). The moment arms of the force generated by each muscle about each spanned joint were made to vary with joint angle (Rugg et al., 1990; Visser et al., 1990) . The force generated by each muscle was a function of its length and physiological cross-sectional area (Brand et al., 1986; Friederich & Brand, 1990; Wickiewicz et al., 1983; Zajac, 1989) . Further details of the muscle model are supplied in the Appendix. Tabled values were then used to calculate segmental masses and CM locations from the measured height and weight of each participant (Plagenhoef et al., 1983) .
In addition to using parameter values from the literature, we evaluated the sensitivity of the predicted direction to two model parameters: muscle rest length and physiological cross-sectional area. Those parameters were chosen because they were more likely than the other model parameters to be affected by an individual's training experience and thus would have been most poorly represented by values obtained from the literature. A representative limb was constructed using the mean values across the 11 subjects. The values of rest length and physiological crosssectional area for the nine muscles (18 parameters) were simultaneously varied until the predicted direction best matched the mean of the experimentally derived directions. The predicted direction was determined by selecting the pattern of muscle activation that produced the foot force with maximal magnitude, just as for the muscle model above. The predicted direction was referred to as the optimized muscle model. The divergent point model was based on the observation that the force paths for various pedal positions tended to intersect in a common area (Gruben & López-Ortiz, 2000) . Force direction at each pedal position was calculated from lines connecting those pedal positions with a single common divergent point (DP). The location of the DP was determined by selecting the point with the minimum sum of squared differences between the calculated and experimentally measured directions. A divergent point was selected for each participant and force target (11 subjects  10 force targets = 110 DPs). For comparison, the location of the whole-body center of mass (CM) was calculated using tabled values of segmental parameters (Plagenhoef et al., 1983) for the limb position associated with each push effort. The left pedal angle was not measured but was assumed to have the same angle as that measured for the right pedal for a similar pedal angle. 
Results
The force paths were well described by straight lines. The values of linear merit ranged from 93.4 to 99.5% with a mean of 98.1 ± 1.1% (±SD). Nearly all the variation in the shape of the force paths was accounted for by a line. Thus, a single line was used to quantify the direction of each force path.
The direction of the force path lines changed systematically with pedal position such that the lines tended to intersect in a region superior and slightly anterior to the hip (Figure 1) . Most of the force path lines passed anterior to the hip joint (90%) and posterior to the knee joint (98.6%). The force path lines for two of the most superior pedal positions had the greatest deviation from a common intersection (dashed lines in Figure 1) . The optimized muscle model and the divergent point model were able to predict force direction well, having similar overall error (Figure 2) . The prediction error varied with crank angle in a similar pattern for the minimum torque, muscle, and optimized muscle models. Those models had their largest errors at or near 150° and 300°. The divergent point model had a different pattern of errors, with the sign of the errors being opposite to the mean of the other models at more than half of the crank angles (Figure 2) . Some muscle parameters for the optimized muscle model varied widely from the chosen nominal value. The muscle rest length ranged from a 94% increase to a 48% decrease, and the physiological cross-sectional area varied from a 184% increase to a 92% decrease. We chose not to place limits on the range of those parameters for two reasons: (1) the wide range of muscle parameters reported in the literature made the selection of specific limits difficult, and (2) our objective was to determine the maximal ability of the muscle model to predict the variation in force direction. The fact that, even with non-physiological values for some muscle parameters, the pattern of prediction errors was similar for the minimum torque, muscle, and optimized muscle models indicated that limb geometry played a large role in the predicted force direction.
As the level of effort for a push increased, the location of the divergent point shifted anteriorly. That shift was 0.115 m between the least and most effortful pushes ( Figure 1B) . Only the horizontal shift is reported because the certainty in the estimation of the divergent point is greater along the horizontal compared to the vertical direction (Appendix). The mean location of the divergent point was distinct from the location of the hip and of the current CM (Figure 1 ).
Discussion
Healthy humans performed pushing efforts to 10 force magnitude targets against a pedal fixed at 12 locations around the crank circle. The increase in sagittal-plane foot force for each push (force path) was well described with a line, as has been reported previously (Gruben et al., in press; Gruben & López-Ortiz, 2000) . The directions of those lines represent the muscle component of the foot force. The force direction varied slightly with level of pushing effort such that the divergent point shifted anteriorly for larger pushing efforts. That observation is equivalent to the previous report that force direction rotated clockwise (as viewed from the right) when the level of pushing effort increased (Gruben et al., in press ). The force direction varied systematically with the location of the pedal as previously reported (Gruben & López-Ortiz, 2000) . The four models tested were all able to predict the general pattern of force direction variation with pedal position. The divergent point model provided the best description of the observed forces using the least number of parameters. The optimized muscle model provided a similar overall prediction error but with many more parameters. The muscle model provided reasonable predictions without fitting any parameters to the observed data. The minimum torque model had the largest overall error and was also not fit to the observed data.
This study quantified the direction of the muscle component of foot force (MCFF). The force measured by the pedal during dynamic pedaling is not simply due to muscle action, but is the total foot force, the vector sum of force components due to gravity, inertia, and muscle (Gruben & López-Ortiz, 2000; Kautz & Hull, 1993) . For the fixed-pedal pushes of the present study, the nearly stationary leg resulted in a negligible inertia component and nearly constant gravity component. Although small leg motions were possible because the pedal could rotate about its axis, the force components due to these changes were very small compared to the changes due to muscle action. Thus, all changes in the foot force were considered to be due to altered muscle forces. The linearity of the force paths indicated that all increases in foot force during one push effort were in approximately the same direction. The line fit to the force path defined the direction of the MCFF, also referred to as simply "force direction."
During dynamic tasks, such as walking, the contributions of gravity and inertia to the foot force increased the complexity of foot force control. Mechanical equilibrium of upright posture places requirements on the total foot force. However, the nervous system has direct control over only the muscle component (MCFF). The gravity component depends on limb position, and the inertia component depends on the velocity and acceleration of the limb. The current limb position and velocity depend on the time history of forces acting on the limb. Thus, the nervous system can elicit immediate changes in only the MCFF. The gravity and inertia components can be changed only with a time delay required for the muscle forces (and other external forces) to change limb position and velocity. For the nervous system to generate a desired total foot force, knowledge of the current limb kinematics and inertial properties is required. The gravity and inertia components must then be calculated so that the appropriate MCFF can be generated. This is a difficult problem that may not be within the capabilities of the nervous system. An alternative is that the nervous system may enact control of the MCFF without compensation for, or calculation of, the other components. The total foot force generated would not be exactly what is needed for mechanical stability, but the errors may be small and/or of short duration such that feedback mediated corrections can be made at a later time (Greene, 1972; Jacobs & Burleigh-Jacobs, 2000; van Soest & Ingen Schenau, 1998) . The present study was not designed to test whether foot force control is at the level of total foot force or MCFF. However, our observation that the MCFF seemed to be directed toward a point (divergent point model) that could be a typical location of the CM provided support for the existence of a control strategy dedicated to directing the MCFF to maintain upright posture. Elaboration of this point is provided later in the Discussion section.
The minimum torque model evaluated whether the observed force direction may correspond to the direction that minimizes a simple measure of effort. A general assumption frequently applied to the motor system is that the controller modulates excess degrees-of-freedom by minimizing some cost function. In the present task, foot force direction was the unspecified degree-of-freedom. That direction was uniquely specified by the ratio of net joint torques at the hip and knee (Gruben & López-Ortiz, 2000; Hof, 2000) . Thus, we chose to sum the net joint torques at the hip and knee after squaring them to remove the effect of sign (Nubar & Contini, 1961) . While the ankle must also generate torque to produce force on the pedal, the ankle torque is much less sensitive to force direction than are the hip and knee torques. This method has also been used to predict limb force output of the standing cat (Fung & Macpherson, 1995) and in humans during walking (Koopman et al., 1995) , pedaling (Gonzalez & Hull, 1989; Kautz & Hull, 1995; Redfield & Hull, 1986) , and wheelchair propulsion (Rozendaal & Veeger, 2000) . The force direction predicted by the minimum torque model is equivalent to the major axis of the force ellipse generated by projecting points on the unit circle of hip-knee torque space onto force space (Yoshikawa, 1990; Zatsiorsky, 2002) .
The minimum torque model provided the worst estimate of observed force direction of the four models tested (Figure 2) . The predicted direction varied with crank angle in a sinusoidal manner, but that pattern failed to capture the observed variation of direction with crank angle (Figure 2) . The largest prediction errors occurred at the crank angles 240-330°, where the observed force paths passed closer to the hip joint than those predicted. The model attempted to balance the relative contributions of hip and knee torque, thus avoiding directions that passed near one joint, requiring a very small torque at that joint. Thus, force paths that passed close to the hip, such as those observed for crank angles 240-330° (Figure 1 ), were not predicted by the minimum torque model. We concluded that the control system was most likely not directing foot force based on a minimization of hip and knee torques, prompting us to evaluate a more physiological measure of effort.
The muscle model predicted force path direction better than the minimum torque model (Figure 2 ). The improvement occurred primarily at crank angles 0 and 240-330°. The muscle model predicted force direction by evaluating the theoretical set of foot force vectors that could be generated by applying all combinations of maximal muscle activation to the model and choosing the direction with the largest force magnitude. In doing so, we assumed that the motor system solves the redundancy problem by choosing the same pattern of relative muscle activations for all levels of force output. Such behavior has been documented for finger muscles (Valero-Cuevas, 2000) and is suggested by common gain control (Raasch & Zajac, 1999) and force path linearity (Gruben et al., 2003a; Gruben & López-Ortiz, 2000) in pedaling. For a foot force of a given magnitude, rotating the force to any direction other than the chosen direction would require an increase in muscle activation. Thus, the chosen direction could be generated with minimum effort. A shortcoming of this model is that the muscle properties were based on literature values that may have differed substantially from those of our participants. That possibility prompted us to explore the ability of the muscle model to predict force direction if the muscle properties were adapted to optimize the force direction prediction.
As expected, the optimized muscle model provided a further improvement in force direction prediction over that of the muscle model (Figure 2) . The improvement was primarily due to reduction in prediction errors for the crank angles 0-60° and 240-330° (Figure 2) . However, the error remained high for all three models at the crank angle of 150°. Thus, despite the adjustment of numerous model parameters, the model was unable to capture the pattern of force direction variation with crank angle. The divergent point model provided an overall fit similar to the optimized muscle model; however, the pattern of errors with crank angle differed between the two models ( Figure 2) . The divergent point model was developed to capture the observed general tendency of the force path lines to intersect in a localized region of the sagittal plane. The model calculated force direction from lines intersecting a single point (divergent point) and the respective pedal axis positions. This model provided a superior fit at the crank angle (150°) for which the other three models had a large consistent error (Figure 2) . Instead, the largest errors for the divergent point model were at 0 and 330°, where the optimized muscle model had little error. The most striking feature of the divergent point model was its ability to describe the pattern of force direction variation with crank angle despite its inherent simplicity (only two parameters; y,z position of divergent point).
The ability of the divergent point model to describe variation in foot force direction suggests that the observed foot force control depended only on the location of the limb endpoint. More precisely, for a control strategy corresponding to the divergent point model, force direction depends on the direction of the limb axis but not the limb axis length. The limb axis is defined as the line segment connecting the hip joint and the limb endpoint (pedal pivot in the present study; Bosco & Poppele, 1997) . The force path direction was similar for pairs of crank angles that positioned the limb axis along the same direction but for which the limb had varying amounts of flexion. (Figures 1 & 2 compare directions at crank angles 30 and 120°, and 240 and 300°.) The observed force direction was highly correlated with the limb axis direction but was even more closely aligned with the direction of a line intersecting the divergent point and each pedal pivot. If foot force control were related to limb axis direction (or a closely related function such as that of the divergent point model), limb axis direction may be encoded in the nervous system. Evidence for such encoding has been observed in the cat, where signals in the spinocerebellar tract were correlated principally with limb axis direction (Bosco et al., 2000; Bosco & Poppele, 1997) . That study did not consider a divergent point axis and may not have been sensitive enough to distinguish between the limb axis and a divergent point axis, as the angular differences are small.
As expected, the two models that provided the best predictions were those with parameters that had been adjusted to best fit the observations. An unexpected finding was that a model as simple as the divergent point model, with only two adjusted parameters (y and z positions of the divergent point), had an overall error similar to the much more complex optimized muscle model that had 18 adjusted parameters. These results suggest that foot force control may be tuned to directing the MCFF at a specified point in the sagittal plane.
A control strategy that directs force at a point in the sagittal plane would be useful for maintaining balance if that point were at or near the whole body centerof-mass (CM). One of the requirements of walking is to control the foot force direction such that average whole-body angular momentum is kept at zero in the steady-state. That requirement may be met by keeping the foot force directed at the CM for all limb postures. The observed pattern of foot force control observed in this study appears to be well suited to directing the foot force so that its line-ofaction passes near a point. However, the calculated divergent points were not near the current CM (Figure 1) . Rather, the DPs were in a region located superior and slightly anterior to the hip joint. That region is consistent with the location of the CM (relative to the hip joint) for postures during which foot force must be actively controlled, such as walking, running, and jumping. Thus, the control observed in this study would be helpful for maintaining posture. The present observation-that the foot force control appeared well suited for balance, even though not required while seated on a bike-suggests that the preferred control of foot force we observed may be that of a default strategy, possibly serving to assist in the control of posture during locomotion.
The similar overall abilities of the optimized muscle model and the divergent point model to predict force direction raises the following question about the control of foot force for seated pushes against a fixed pedal. Is the control of foot force direction based on muscle properties or is the control related to the maintenance of posture? The ability of the optimized muscle model to provide a reasonable estimate of foot force direction suggests that foot force control may be heavily influenced by muscle properties. However, an alternate explanation is that relative muscle strengths have developed in response to extensive practice with directing force in a specific direction for each limb posture. Such practice is provided by the upright walking that is the primary activity of the legs for most people. Thus, while it is possible that foot force control is based on some minimization of muscle "effort," a more likely explanation is that the control of foot force direction aims to preserve upright posture and that relative muscle strengths have adapted to be able to generate the muscle forces required to exert foot force in that direction. Wickiewicz et al. (1983) and Brand et al. (1986) . Moment arm factors were taken from Visser et al. (1990) , except ankle moment arm factors from Rugg et al. (1990) , and BFS and BFL factors adjusted to match knee moment arms from Raikova and Prilutsky (2001) . Zero values for A 2 indicated that the moment was independent of joint angle.
Muscle rest lengths based on Delp et al. (1990) .
